The hepatic blood circulation is complex, particularly at the microcirculatory level. Previously, 2D liver lobule models using porous media and a 3D model using real sinusoidal geometries have been developed. We extended these models to investigate the role of vascular septa (VS) and anisotropic permeability.
Introduction
The perfusion of the liver is complex and distinct from that of other organs, mainly due to its dual blood supply from both the hepatic artery and the portal vein [1] [2] [3] [4] . In particular, the microcirculation on the scale of the liver lobules and sinusoids displays complicated hemodynamics [2, 3, [5] [6] [7] [8] [9] .
In the literature, microperfusion of the liver is often schematically represented in terms of classical lobules, each having the shape of a hexagonal prism (Fig. 1) [2, 3] .
Liver lobules are assumed to be configured in a tessellating pattern, similar to the organisation of hexagonal wax cells in the honeycombs of bees. Blood enters a lobule via the portal tracts (PT), located at the corners. Each PT contains a hepatic arteriole (supplying the liver with oxygenated blood), a portal venule (providing nutrient-rich blood from the intestines), and a bile ductule. The latter drains the bile produced in the lobule in the opposite direction from the blood flow in the PT. A fraction of the blood from the PT enters the vascular septa (VS), which are the vascular surfaces between neighbouring lobules, bordered at opposite edges by two PTs (Fig. 1 ). As such, the VS foresee the blood supply of the tissue between PTs by a number of microvessels branching off the PTs. Blood flows from the PTs and VS into the interconnected network of tortuous sinusoids, which are the hepatic-specific capillaries and are lined by a fenestrated endothelial cell layer. Blood solutes can flow through the fenestrations into the space of Disse, which is the space between the endothelial cells and the hepatocytes.
Here, the metabolic exchange (e.g. oxygen or nutrient uptake) takes place with the neighbouring hepatocytes. The blood is further drained from the sinusoids into the central vein (CV), and from there into the hepatic veins and vena cava inferior [2, 3] .
Due to the liver's microvascular organisation and its metabolic functions, liver lobules are characterized by metabolic zonation [2, 10] . For example, the cell zone closest to the PTs will receive blood that is rich in nutrients and oxygen, while the zone close to the CV receives blood that is poorer in nutrients and oxygen. Although the liver lobule is the most frequently used functional liver unit, a number of other units has been proposed in the past, such as the hepatic acinus [11] (dotted line in Fig. 1b ) and the primary lobule [7, 8] . Nevertheless, the actual real 3D structure of the liver microcirculation seems to be more complicated, as was illustrated in one of our previous papers [12] based on a high resolution 3D micro-CT dataset of the human liver microcirculation, and liver lobules are not always perfect prisms. Additionally, variations are frequently observed in the number of PTs per lobule (polyhedral lobules with four, five or seven corners instead of six).
Until now, our knowledge of the liver microcirculation is mainly based on schematic concepts, and its hemodynamic behavior is still not fully understood.
Especially in the case of abnormal liver conditions, the liver microcirculation plays a crucial role: when impaired or damaged (for instance due to disease), this can result in a loss of liver function due to the tight coupling between liver microperfusion and its metabolic function. Consequently, it is necessary to gain more insight into liver microvascular hemodynamics to also have a deeper understanding of function.
Previously, numerical models have been used successfully to better understand the microcirculation. These models (or modelling techniques) might be helpful to understand microhemodynamics in a healthy liver as well as in liver pathology.
Knowing that the microcirculation operates within relatively narrow ranges of hemodynamic conditions, microcirculation alterations might lead to biomechanical stressors (high shear stresses, high wall stresses). As such, these numerical models are applicable to investigate transplant-related phenomena (for which the preservation of the hepatic microcirculation is crucial for the viability of the liver graft [13, 14] ), 5 pathology-related microvascular alterations (e.g. in the case of fibrosis, cirrhosis [15, 16] , hepatocellular carcinoma [17] , steatosis [18] , portal hypertension [19, 20] ), as well as surgery-induced effects (e.g. small-for-size liver syndrome [21] [22] [23] after partial hepatectomy). For example, cirrhosis is known to alter and deteriorate the liver's microvessel structure leading to higher vascular resistances, which could be modelled by changing structure-related parameters such as the permeability. Next to these applications, reduced order versions of these models may also be implemented in larger scale models (e.g. [1] ) to capture the total liver hemodynamics incorporating the macroas well as the meso-and microcirculation and the interaction of the liver with other organs in whole system models.
However, only few models on the topic of liver microhemodynamics have been published, which might be due to the complexity of the liver microcirculation and the difficulties associated with the acquisition of the required anatomical and functional data at sufficient resolution. A few studies focused on modelling the lobule hemodynamics based on porous medium approaches, in which the sinusoids are represented as pores imbedded in a parenchymal matrix. As such, Ricken et al. [24] developed a 2D biphasic model of the blood flow in a longitudinal cross-section of the liver lobules using a permeability that is isotropic over the cross-section. Bonfiglio et al.
[25] studied the flow patterns in a 2D hexagonal cross-section in a porous lobule model, assuming both isotropic permeability as well as 2D anisotropic permeability (radial versus circumferential). Both of these models neglected the existence of VS [24, 25] , leading to predictions of poor perfusion of the regions midway between neighbouring PTs in the paper of Bonfiglio et al. [25] . Given the need to perfuse every hepatocyte well, this is unlikely to occur in vivo. Consequently, Siggers et al. [26] used a 2D symmetric triangular porous medium model (representing one sixth of a hexagonal 6 cross-section of a lobule), which they solved analytically to investigate the effect of VS.
The PT inflows, VS inflows and central outflows were approximated as point sources, line sources and point sinks, respectively.
Although the porous medium models described above are useful to capture the overall hemodynamics, they are based on a number of key assumptions. The flow is assumed to be planar (2D), while it is known that the real liver microcirculation has a complex 3D structure [12] . In all but one section of the paper by Bonfiglio et al. [25] , the permeability is assumed to be isotropic. Furthermore, VS were either neglected [24, 25] or modelled as a line source, implying a constant inflow into the sinusoids along the length of the VS [26] . However, in reality, the inflow from the VS is likely to be smaller further away from the PTs (due to a lower pressure within the VS there). Since these assumptions were not validated before, 3D models may be helpful to clarify this. Rani et al. [27] previously developed a finite volume blood flow model in a 3D geometry incorporating a terminal hepatic arteriole, portal venule and CV, as well as two fenestrated sinusoids using non-Newtonian blood properties. Though the modelling approach was sophisticated, an idealized 3D geometry was used to locally represent the blood flow from the portal tract passing through two sinusoids into the central vein.
More complex tortuous and interconnected sinusoids as well as the VS were not taken into account here, while these are relevant for the hemodynamics at this level. In recent work, we developed a 3D numerical model of the liver terminal circulation based on high resolution micro-CT data [12] . We demonstrated that the three-dimensional permeability tensor of a sinusoidal network displays significant anisotropy, which is in contrast with the isotropic permeability conditions assumed in the 2D porous models mentioned above [24] [25] [26] . Working in a cylindrical coordinate system with the z-axis along the central vein of a lobule (Fig. 2) , we found the permeability tensor to be 7 approximately diagonal with an axial component roughly two times that of the radial and azimuthal components, which were themselves approximately equal.
Combining the strengths of the previous models and extending them might lead to a more accurate model and a better understanding of the hepatic microhemodynamics. Therefore, the aim of this study was to develop a 3D porous medium model of the perfusion of a liver lobule, accounting for anisotropy in the permeability of the sinusoidal network and incorporating the VS as a separate volume zone within the model. In addition, we performed a parameter sensitivity analysis of the newly proposed model. 8
Materials and methods

Simulation geometry and mesh generation
A geometry, representing a liver lobule with VS, was studied using a cylindrical coordinate system , , with its -axis along the CV and its origin at the centre of the simulation geometry (Fig. 2a) .
The lobule geometry (Fig. 2a) was assumed to be a hexagonal prism with crosssection defined by a circumscribing cylinder of diameter 1 mm [2, 28] , resulting in a hexagonal edge length of 0.5 mm. Lobules are reported to have lengths of up to several millimetres [28] , and in this study we used a length of 1 mm as a representative value.
Reported measurements of the diameter of the CV and portal venule (corresponding to the major PT inflow) vary substantially in the literature [2, 9, [29] [30] [31] , and in our model we chose representative values. As such, the CV was modelled as a cylinder of diameter 60 µm parallel to the -axis, and the PTs along the six parallel edges as cylinders, each of diameter 40 µm. VS zones were defined as the outermost 10 µm depth on the six faces of the prism that delineate the borders with the neighbouring lobules (Fig. 2a) 
In this study, two different permeability tensors were used: an isotropic and an anisotropic tensor. The anisotropic tensor was defined by the permeability coefficients found in [12] , giving k zz = 3.64·10 -14 m², k rr = 1.56·10 -14 m² and k θθ = 1.75·10 -14 m².
Isotropic permeability conditions were defined by assuming that the isotropic permeability equals the anisotropic radial permeability coefficient,
This choice was based on the observation that the radial permeability coefficient has the biggest impact on the resulting volume flow rate at the lobule outflow (CV).
The porosity of the lobule, ε, equals the fraction of the volume occupied by the blood (V sinusoids ) divided by the total volume V total (eq. 3), and we fixed its value at 0.143, as found in [12] . It also equals the ratio of the magnitude of the Darcy velocity 
In the following, all reported velocities are Darcy velocities and we will denote simply by . In order to estimate the typical physical velocities within the sinusoids, the Darcy velocity should thus be divided by the porosity ε (eq. 3).
For the model without VS, the VS zones were defined using the same permeability coefficients as for the lobule zone of the sinusoids. In the case of models with VS, VS were treated as porous media with a higher circumferential permeability due to the circumferential orientation of the vessels within the VS. As such, we used in the VS the lobular value of k θθ multiplied by a factor of either 10 or 100, but keeping the values of the radial and longitudinal coefficients, k rr and k zz , the same as their values in the sinusoids. Note that, ideally, we would have altered the component of the permeability tensor in the exact direction of the VS (rather than k θθ in the circumferential direction, which is approximately in the same direction), but in this paper we considered this slightly simpler case.
In total, six cases were simulated to investigate the influence of including VS and the usage of (an)isotropy. We denote these models as M0I, M0A, M10I, M10A, M100I, M100A, where '0' refers to no VS, '10' to VS with k θθ 10 times that in the lobule interior and '100' to VS with k θθ 100 times that in the lobule interior, and 'I' refers to isotropic permeability and 'A' to anisotropic permeability (Table 2 ). Blood was assumed to be an incompressible Newtonian fluid with a dynamic viscosity of 3.5 mPa·s [33] . 
Boundary conditions and computational fluid dynamics
For all models, the top and bottom hexagonal planes were characterized by a translational periodic boundary condition (Fig. 2b) , and we assumed 1 mmHg/mm to be the -component of the pressure gradient. The pressure was defined to drop from 6.18 mmHg to 5.18 mmHg along the PT inflow and from 5.23 mmHg to 4.23 mmHg along the CV outflow (corresponding to mean pressures of 5.68 mmHg at the PT and 4.73 mmHg at the CV, as found in [30] ). At the planes of interface between the lobule and VS, continuity of pressure and flux was applied. Since we assumed a repeating honeycomb pattern (Fig. 1b) , we used symmetry boundary conditions at the surfaces delineating the lobule borders.
The steady computational fluid dynamic models were solved using Fluent TM (Ansys, Canonsburg, PA, USA). Simulations were performed using the SIMPLE method for the pressure-based segregated algorithm, the PRESTO! scheme as the pressure interpolation method, the Least Squares Cell Based interpolation method for gradients and derivatives, and the QUICK method for the spatial discretization of field variables. Tecplot TM (Tecplot Inc., Bellevue, WA) was used to process, calculate and visualize the hemodynamic parameters of interest.
Parameter sensitivity study
Since some assumptions were made concerning the boundary conditions and simulation geometry, with some degree of variability in values reported in literature, we performed a parameter sensitivity analysis of the model. The M100A model was used as the baseline model to perform parameter variations of the pressure boundary conditions as well as geometry-related parameters (see also Table 2 ). As such, the longitudinal pressure gradient was changed from the default value of 1 mmHg/mm to 0 mmHg/mm 12 (M100A_1), 0.5 mmHg/mm (M100A_2) and 2 mmHg/mm (M100A_3). The pressure drop between the PTs and CV was changed by increasing the default PT pressure, defined to drop from 6.18 mmHg to 5.18 mmHg along the PT inflow, by 0.5 mmHg (M100A_4) and 1 mmHg (M100A_5). Furthermore, the thickness of the VS was changed to 5 µm (M100A_6) instead of 10 µm, and the PT (M100A_7) and CV diameters (M100A_8) were increased by 50% of their original value. Additionally, the effect of the lobule circumferential diameter was investigated by scaling down the lobule. Note that if we would consider a scale model in which we change all length scales (lobule circumferential diameter, and the radii of the CV and PTs) in the same way, the flux would remain unchanged, since the velocity scale is inversely proportional to the length scale. Consequently, we considered a lobule circumferential diameter of 0.5 mm instead of 1 mm, but kept the radii of the PT and CV the same (M100A_9). A summary of all simulated cases and the corresponding parameters is shown in Table 2. 13
Results
We first compare the hemodynamics of the models with and without VS (Section 3.1), followed by a comparison of the isotropic and anisotropic permeability cases (Section 3.2). The results of the parameter sensitivity analysis are reported in section 3.3.
Comparison of the models with and without vascular septa
Since the impact of VS on the results for the isotropic and anisotropic models are qualitatively similar (Figs. 3-7), we only describe here the results for the anisotropic models in detail.
Flow in the hexagonal cross-sectional plane in the middle of the lobule (z = 0)
In model M0A, over the hexagonal cross-section z = 0 the pressure drops from 5.68 mmHg at the PTs to 5.40 mmHg at the points midway between neighbouring PTs to 4.73 mmHg at the CV (Fig. 3a, 4b ). The projection of the velocity into the crosssection, , has a relatively high magnitude at the entry from the PTs (Fig. 3b) . From there the blood flows to the CV, either directly, or first towards the regions midway between neighbouring PTs and then towards the CV. Along each pathway, the crosssectional velocity decreases away from the PT, reaching a streamline-specific minimum (with the lowest value being a zero velocity, which is attained at the stagnation points at the outer lobule borders midway between neighbouring PTs; Fig. 3c ) before rising to its highest value at the CV outlet (Fig. 3d) .
As can be seen in Figs. 4d, f, the model demonstrates different hemodynamics when VS are present. The pressure drop from the PT to the VS is smaller in M10A and M100A than in the case without VS (Fig. 3a) , and the pressure drop from the centre of (Fig. 3d, Fig. 4 d, f) .
On leaving the PTs, the flow pathways that go directly from the PT into the sinusoids have lower velocities than those that first enter the VS and also than those leaving the PTs in model M0A (see Fig. 3b ). The streamlines in models M10A and M100A are predominantly radial, and the regions midway between neighbouring PTs are better perfused, leading to a more uniform distribution of blood throughout the tissue than in M0A (Fig. 4) . This effect is more pronounced for higher circumferential permeability in the VS, i.e. more in M100A than in M10A. Moreover, as shown in Table 3 , the volumetric flow rate at the outflow of the lobule (Q lobule ) is higher when including VS (6.58·10 -5 ml/min and 6.78·10 -5 ml/min for M10A and M100A, respectively) than when neglecting VS (6.02·10 -5 ml/min for M0A).
Flow in the longitudinal cross-section through opposite PTs (θ= 0°, 180°)
Fig 5b shows the pressure and streamlines in M0A in a longitudinal plane of cross-section containing the axis of the lobule and two PTs. The flow follows a diagonally downward pathway, due to the combined effects of the imposed zcomponent of the pressure gradient and of the radial pressure gradient. The velocity is high at the inflow (Fig. 3e) , lower midway between the PT and the CV, and then higher near the CV outflow.
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Similar flow patterns are found in M10A and M100A (Figs. 5d, f) ; however, these models have lower velocities at the PT inflow (Fig 3e) , and higher velocities at the CV outflow. 
Flow in the longitudinal
Comparison of isotropic versus anisotropic permeability
In this section we discuss isotropic versus anisotropic conditions, focusing on models M100I and M100A.
In the hexagonal cross-section z = 0, the pressure contours and directions of the flow trajectories are similar in the isotropic and the anisotropic models ( Fig. 4e-f ). The in-plane magnitudes of the velocity as well as the total flow rate through the lobule are almost equal (slightly higher in the anisotropic cases): 6.77· 10 -5 ml/min in M100I and 6.79· 10 -6 ml/min in M100A (Table 3) .
Figs. 5e-f and 6e-f show that the flow is similar for the corresponding cases of isotropic and anisotropic permeability, although it is closer to vertical in the anisotropic case. As such, anisotropic permeability leads to a larger longitudinal z-component of the velocity, due to the larger longitudinal permeability in the -direction. Similar effects are observed in the other models: M0I, M0A, M10I and M10A. Fig. 7c shows that the planar velocity along a circle around the CV in the hexagonal cross-section is approximately equal for both the anisotropic and isotropic cases, with isotropic conditions resulting in only a slightly higher variation of the predicted velocity. However, the spatially averaged magnitude of the total (3D) velocity
is significantly higher and also shows a smaller spatial variance in the anisotropic case, owing to the higher z-component of the velocity (Fig. 7d ).
Parameter sensitivity study
Boundary conditions as well as geometrical features were varied to investigate the sensitivity of the lobule fluid-dynamics to the choice of such parameters.
Impact of changes in imposed boundary conditions
Comparing Fig. 5f with Fig. 8 illustrates how changes of the pressure gradient in the z-direction affect the solution. Increasing the longitudinal pressure gradient leads, as expected, to a larger -component of the velocity. In contrast, the lobule and total liver outflow and resistance did not change in comparison with the baseline model M100A
( Table 2 and 3) .
Secondly, the PT-CV pressure drop was increased by increasing the PT pressure by 0.5 mmHg and 1 mmHg (Fig. 9 ). This resulted in higher velocities and lobule flows (1.03·10 -4 ml/min and 1.39·10 -4 ml/min for a 0.5 mmHg and 1 mmHg increase of the PT pressure, respectively), because the flow is given by dividing the pressure difference by the resistance (see also the Appendix for details). The lobule resistance remained equal, since the simulation geometry did not change (Table 2 and 3) . Lobule and total liver flow increases were linearly proportional to the increase of the PT-CV pressure drop (Table 3) .
Impact of geometry -related parameter variations
Reducing the VS thickness to 5 µm (instead of 10 µm) results in a decrease of the fraction of the PT inflow that drains into the VS (Fig. 10) . This led to an increase in the lobule resistance (1.46·10 4 mmHg·min/ml) and a decrease of the lobule flow (6.51·10 -5 ml/min). As such, decreasing the VS thickness by 50 % resulted in a lobule and total liver outflow decrease of 4.0 % (Table 3) .
Increasing the PT diameter from 40 to 60 µm results in a decrease of the lobule resistance (1.35·10 4 mmHg·min/ml). Consequently, the lobule outflow increased (7.01·10 -5 ml/min). Pressures and velocities changed accordingly, as illustrated in Fig.   10 (lower PT inflow velocity but a larger PT inflow front, higher CV outflow velocity).
A 50 % increase of the PT diameter thus resulted in a 3.4 % increase of the lobule and total liver outflow (Table 3) .
When increasing the CV diameter to 90 µm (instead of 60 µm; Fig. 10 ), the lobule outflow increases (7.80·10 -5 ml/min) while the lobule resistance decreases due to a larger CV outflow front (1.22·10 4 mmHg·min/ml). As such, a 50 % CV diameter increase results in a 15.1 % increase of the lobule and total liver outflow (Table 3) .
Furthermore, when reducing the lobule circumferential diameter to 0.5 mm (Fig.   10 ), the result is a significant increase in the lobule flow (9.74 · 10 -5 ml/min), implying that the lobule resistance to flow is smaller (9.75 · 10 3 mmHg·min/ml). In addition, a smaller lobule results in a larger number of lobules in a liver of a given size, and leads in this case to a total estimated liver flow of 900 ml/min. Consequently, a 50 % decrease of the lobule circumferential diameter leads to a 43.7 % increase of the lobule outflow and a 474.8 % increase of the total liver outflow (Table 3) .
In summary, amongst the model parameters studied, the lobule circumferential diameter is the most sensitive parameter when looking at the total liver outflow, followed by the pressure drop between the PTs and the CV.
Discussion
In this study, a 3D computational fluid dynamics model of a liver lobule was developed to study the hepatic microcirculation in order to investigate the effect of vascular septa and anisotropic permeability properties. Additionally, a parameter sensitivity analysis was performed to study the influence of the choice of geometric and physic parameters on the lobule fluid-dynamics.
The models with VS clearly show better perfusion of the zones lying between neighbouring PTs compared to the models without VS, and the flow patterns are more homogeneous when VS are included. The physiological needs of the hepatocytes, and, in particular the requirement of a sufficient supply of oxygen and nutrients for every cell, make the models that include VS seem more physiologically plausible than those without. This is particularly the case for the cells midway between neighbouring PTs whose supply of oxygen is dramatically increased by the existence of VS.
Models with anisotropic permeability show a more spatially homogeneous magnitude of the velocity field compared to isotropic permeability (Fig. 7) . Again, this is especially relevant for the relatively poorly perfused zone midway between neighbouring PTs. However, one has to be cautious with this interpretation, since the influence of anisotropy depends on the applied boundary conditions, in particular on the longitudinal pressure gradient. To the authors' knowledge, there are no data available in literature on the longitudinal pressure gradient over a lobule (defined in our model as 1 mmHg per mm; see section 2.2). Therefore, we performed a parameter study in which variations of the longitudinal pressure gradient mainly showed differences in the zcomponents of the velocities, but the lobule and total liver flow did not change (Table 2 and 3).
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In addition, the sensitivity of other parameters was analysed (Table 2 and 3), showing that the total liver outflow was most sensitive to changes in the lobule crosssectional size (determined by the lobule circumferential diameter) and the PT-CV pressure drop. In contrast, the total liver outflow was not or only slightly sensitive to some other parameters (such as the longitudinal pressure gradient in the z-direction and the PT diameter).
Estimations of the flow rate and resistance of both a single lobule and the liver as a whole for M100A resulted in Q lobule = 6.79 · 10 -5 ml/min, Q liver = 157 ml/min, R lobule = 1.40 · 10 4 mmHg·min/ml and R liver = 6.06 · 10 -3 mmHg·min/ml, respectively (Table   3 ). However, physiological values of Q liver are around 1500 ml/min, which our baseline model underestimates. This is due to the assumptions we made in our modelling, which is not surprising since there are significant variations of certain parameters reported in the literature (PT and CV pressures and diameters, lobule dimensions, liver weight and flow rate etc.). We anticipate that, as better estimates of these parameters become available, the model will become more realistic and can be tuned based on these parameters so that it effectively leads to realistic whole-liver flow characteristics. For example, with a lobule diameter of 0.5 mm and a pressure in the PT of 0.5 mmHg or 1 mmHg above the default values, the flow rate through the whole liver is 1380 ml/min (M100A_10) or 1850 ml/min (M100A_11), respectively, and these values are within the physiological range (Table 3) .
It is important to stress that we did not perform a direct validation of the proposed models, which would require measurements of pressures or flows at the liver microcirculation level, which is most challenging. However, our results do correspond with values that have been described in literature, and we expect the qualitative predictions of our model to be valid. The demonstrated differences in the flow patterns, 21 especially in the presence of VS, are independent of the assumed sets of boundary conditions. As such, our models incorporating VS and anisotropic permeabilities are probably more accurate and result in more homogeneous flow patterns compared to previous models.
When comparing the outcomes of our models to literature, the highest magnitudes of velocity were found near the inflow from the PTs and near the CV, which agrees with the findings of Bonfiglio et al. and Ricken et al. [24, 25] . Cohen et al. [34] also stated that the velocity near the CV is higher, resulting in a region of hepatocytes near the CV that have a much higher flux of blood passing them, as compared with hepatocytes that are located nearer the periphery. The flow patterns in the longitudinal sections through the PTs shown in Fig. 5 are also similar to those reported earlier by Ricken et al. [24] .
However, in their study, the streamlines are closer to those we obtained in our isotropic models, and they are orientated further from the axis than the streamlines we obtained in our anisotropic models. This seems to be a logical consequence of the fact that Ricken et al. [24] used a permeability that is isotropic over the longitudinal cross-section in his 2D model. The flow patterns in the hexagonal cross-sectional plane of the models without VS (shown in Fig. 4 a, b) , are also qualitatively similar to those obtained by Bonfiglio et al. [25] . Furthermore, the results obtained by Siggers et al. [26] in their dimensionless 2D model including VS were comparable with our models including VS (projection into the hexagonal cross-sectional plane). Note that the 3D lobule model obtained in this study could also be interpreted and solved as a combination of a 2D porous model [25, 26] with a superimposed z-component of the pressures and flows, since our model uses a prescribed longitudinal pressure drop. Comparing our model with the 3D model of Rani et al. [27] , some major differences exist regarding the modelling approach. Rani et al. [27] based the fluid domain of their model on the 3D 22 structure of a liver acinus, while in this study we used the classic schematic hexagonal lobule to represent the functional unit of the liver microcirculation (Fig. 1) . Which model is most appropriate to represent the functional unit of the liver (e.g. the classic lobule, primary lobule, liver acinus, choleohepaton etc.) is still a matter of debate [2, 5, 9, 29, 35, 36] . Furthermore, the model of Rani et al. [27] included a terminal HA, PV and CV as well as two sinusoids having a 23.5 µm radius and fenestrations. These sinusoidal diameter values seem to be high, since sinusoidal diameters are typically reported as being in the order of magnitude of 10 µm (which we also observed in a previous study [12] ). Larger sinusoids will result in lower vascular resistances and higher permeability compared to our model geometry. Another difference is that Rani et al. [27] used non-Newtonian fluid properties, while we modelled blood as an incompressible Newtonian fluid. Non-Newtonian effects (such as the Fahraeus-Lindqvist effect [37] and the shear thinning effect [27] ) are important on the scale of the microscopic sinusoids. Nevertheless, Bonfiglio et al. [25] reported pressure differences of less than 4% when comparing the results of a Newtonian model with those of a shear thinning model. This seems to suggest that non-Newtonian effects are of minor importance for our models. As for the boundary conditions, Rani et al. [27] applied a pressure drop from 95 mmHg to 20 mmHg along the terminal HA and from 25 mmHg to 15 mmHg along the terminal PV, which seems quite high (a PV pressure of 15-25 mmHg is considered indicating portal hypertension). Thus, combining higher pressure(s) (drops) with lower vascular resistances (due to higher sinusoidal diameters) leads to significant differences in the order of magnitude of the predicted velocities with our data.
Furthermore, the model of Rani et al. [27] does not explicitly account for the effect of more than two tortuous sinusoids, neither for the presence of VS.
Conclusion
In this study, we developed a 3D mathematical model of a liver lobule, using a porous medium approach, incorporating the effect of vascular septa and anisotropic permeability. The inclusion of vascular septa leads to better perfusion of the zones lying between portal tracts as well as a more spatially homogeneous perfusion of the lobule.
The 
Since the lobules are arranged in parallel with respect to the blood flow, the total hydraulic resistance of the microvasculature of the liver is calculated as the lobule resistance divided by the estimated number of lobules n: Table 1 . Mesh sensitivity analysis of five meshes with a different mesh density and different numbers of volume elements. Results of pressures and velocities are given at the locations of interest as indicated by the arrows in Fig. 3, and remained approximately constant for models having 3.1·10 -6 or more elements (all differences smaller than 2%). 3.55·10 -7 6.01·10 -6 2.82·10 -6
Number of elements
1.43·10 
